As our ability to engineer nanoscale materials has developed we can now influence endogenous cellular processes with increasing precision. Consequently, the use of biomaterials to induce and guide the repair and regeneration of tissues is a rapidly developing area. This review focuses on soft tissue engineering, it will discuss the types of biomaterial scaffolds available before exploring physical, chemical and biological modifications to synthetic scaffolds. We will consider how these properties, in combination, can provide a precise design process, with the potential to meet the requirements of the injured and diseased soft tissue niche. Finally, we frame our discussions within clinical trial design and the regulatory framework, the consideration of which is fundamental to the successful translation of new biomaterials.
Introduction
Ageing populations and lifestyle changes have resulted in a rapid increase in chronic diseases such as osteoarthritis, heart disease and diabetes [1, 2] . Since loss or dysfunction of tissue underpins all such conditions, the replacement of diseased tissue offers new treatments and perhaps even cure. First generation biomaterials designed to replace damaged tissue have been extremely successful [3, 4] . Total hip replacements are one of the most cost-effective interventions in medicine [5] . Similarly, artificial heart valves have been a transformative technology [6] . However, the success of many early biomaterials is tempered by a relatively short lifespan and narrow therapeutic application. Unlike living tissue, bioinert materials are unable to respond to everyday physical or biochemical challenges, limiting their longevity and widespread application [7, 8] . Consequently, a paradigm shift has occurred and the ability of biomaterials to stimulate a controlled tissue response is now a key design feature [9] . For instance, stimulating new bone formation through hydroxyapatite coating of skeletal prostheses creates a stronger bond between the prosthesis and bone [10] . We are now beginning to produce materials that modify cellular responses with increasing precision, shifting the focus away from simple replacement and towards regeneration. By amplifying the body's natural repair mechanisms, biomaterials are able to recruit native cells and guide endogenous regeneration. In doing so, many of the financial, logistical and legislative hurdles that hamper ex vivo tissue engineering can also be avoided.
Within the field of regenerative medicine, the concept of scaffold-induced endogenous tissue repair has gained increasing popularity. By replicating the native architecture of the extracellular matrix (ECM), scaffolds can support cellular attachment, proliferation, differentiation, influence immune responses and stimulate neoangiogenesis [11] [12] [13] [14] . As our ability to engineer nanoscale biomaterials has developed, we are now able to combine mechanical, topographical and biological cues with increasing complexity. This design flexibility allows for the production of materials to suit a range of biological niches and diseases. Indeed, a variety of scaffolds are currently being developed for the treatment of musculoskeletal, cardiac, ophthalmic and gastrointestinal disease [15 -18] . This review will draw on research developments within the field of tendon repair as an exemplar of soft tissue injury and disease. We will focus on how materials can be chosen and modified to fulfil the requirements of the tendon niche, & 2018 The Author(s) Published by the Royal Society. All rights reserved.
concentrating firstly on the mechanical and physical properties, before considering methods of functionalization to enhance the cellular response. Finally, we will consider how regulatory frameworks impact on the design and clinical translation of scaffold technology.
Tendon structure
Tendons efficiently transfer tensile forces from the muscles to the skeleton [19] . While the overall cellular content of tendon tissue is low, tenocytes are responsible for the production and maintenance of the ECM, the structure of which is critical to tendon function [20, 21] . The most abundant constituent of the ECM is type 1 collagen which constitutes around 60% of the dry mass [22] . Type 1 collagen molecules self-assemble into highly organized fibrils [23] . In turn, these aggregate into fibril bundles and fascicles which are the principal determinant of a tendon's mechanical strength [24, 25] . In common with other soft tissues, proteoglycans (PGs) and their attached glycoproteins (GAGs) make up the remaining non-cellular component of tendons and play a critical role in collagen fibrillogenesis and growth factor presentation [26, 27] .
The insertion of tendon into bone demonstrates a gradual histological transition that is traditionally divided into four zones [28] . Zone 1 (tendon) is characterized by predominantly type I collagen and the PG versican, while zone 2 (fibrocartilage) contains increased amounts of type III collagen and the PG aggrecan [29, 30] . The mineralized fibrocartilage in zone 3 contains significant amounts of type II and X collagen with less fibril organization and increasing hydroxyapatite content. Finally, zone 4 (bone) is composed of 30% hydroxyapatite, within a scaffold of type I collagen [31] . A corresponding cellular transition is also observed, from spindle-shaped tenocytes, to rounded fibrochondrocytes within zones 2 and 3 and finally osteoblasts. From a mechanical viewpoint, the graduated changes in mineralization and collagen organization create an intermediate zone that is more compliant than either tendon or bone [32] . This arrangement limits stress concentration and reduces the risk of failure at the tendon-bone interface [33] .
Injury to this complex framework, particularly in the ageing skeleton, is a common occurrence. Achilles tendon rupture affects over 11 000 people each year in the UK, and the incidence is increasing [34] . Rotator cuff tendon tears are another debilitating condition affecting around 50% of those over 66 years of age [35] . Injuries to the patellar tendon (e.g. jumper's knee) or tennis elbow represent a further disease burden. Although spontaneous healing can occur, the morphological and mechanical properties of healed tendons never match those of a normal tendon [36, 37] . Moreover, many tendon injuries demonstrate little capacity for successful repair and surgical intervention is frequently required. As such, the management of tendon injuries represents a substantial, and growing, economic burden. Over 10 000 rotator cuff repairs are performed annually in the UK and over 200 000 in the United States [38] . Unfortunately, our current surgical techniques result in functionally incompetent scar tissue with over 40% of rotator cuff repairs failing [39] .
Tendon repair mechanisms
Healing is thought to progress through three overlapping stages of tissue inflammation, cellular proliferation and remodelling [40] [41] [42] [43] . After injury, the release of chemotactic and pro-inflammatory molecules attracts neutrophils, monocytes and macrophages to the wound site, with the release of angiogenic factors stimulating the concomitant formation of a primitive vascular network [44] . Tenocytes are gradually recruited, and their rapid proliferation is responsible for the synthesis of a disordered ECM composed mostly of type III collagen [45] . The subsequent remodelling stage is characterized by decreased cellularity and vascularity and a switch from type III to type I collagen synthesis [46, 47] . While the extent of remodelling is dependent on anatomical location, species and disease model, in general, there is an incomplete recapitulation of a tendon's ECM structure and mechanical properties [46, 48] . However, studies to date have used models that lack pre-existing tendon disease. Since injury often occurs on the background of chronic tendinopathy, there remains a requirement to determine how tendinopathy modifies the biology of tendon healing.
The identity of cells contributing to tendon healing is not yet fully understood but is hypothesized to arise from intrinsic or extrinsic origins. Intrinsic cells are typically defined as the tenocytes within the collagen fascicles, whereas extrinsic populations reside within the surrounding paratenon and perivascular regions. In an attempt to determine the relationship and contribution of these populations to repair, lineage tracing experiments with transgenic ScxGFP þ mice have been undertaken following patellar tendon injury [49] . After one week, the paratenon had thickened and the defect infiltrated by numerous cells that expressed the tenogenic differentiation marker scleraxis (Scx). Concurrently, these infiltrating cells also expressed the paratenon and perivascular cell marker aSMA [49] . Similar findings have also been reported in a murine model of achilles rupture [50] . To determine if the expanded SMA þ population differentiated into ScxGFP þ tenocytes a tamoxifen-inducible SMA9 reporter mouse (aSMA-CreERT2; R26-TdTomato) crossed with ScxGFP þ mice were injured and the percentage of double positive SMA9/Scx cells analysed [51] . At day 7, 12.5% of cells expressed both SMA9 þ /Scx þ which increased to 65% at day 14, suggesting that amplification of SMA9 þ cells are the main contributor of tendon healing in this particular model [51] . However, it is unclear whether the paratendon or perivascular niche is the source of these SMA9 þ progenitors. Of note, this pathway of healing does not recapitulate structurally normal tendon with a reduced expression of fibromodulin and decorin, two genes important in normal fibrillogenesis [49] . The authors speculated that altered collagen assembly may be responsible for the impaired biomechanics seen during patellar tendon healing. In a novel model of achilles transection in the neonatal mouse, there is a near complete recovery of tendon mechanical properties with significantly improved collagen matrix organization compared with adult injury [52] . Lineage tracing with a Scx Cre reporter system (Scx-CreERT2;R26-TdTomato) in adult mice confirmed an abundant proliferation of intrinsic Scx þ cells within the injured tendon stubs, but that these do not contribute to repair, with repair tissue instead expressing aSMA. By contrast, at two and four weeks after neonatal injury the repair site was mostly composed of Scx-lineage tenocytes recruited from the tendon stubs. Further, while adult Scxþ tenocytes were activated they demonstrated abnormal differentiation along chondrogenic lines, suggesting that aberrant differentiation of adult tenocytes may contribute to the failure of intrinsic repair mechanisms [52] . It is tempting to speculate that biomaterials, capable of modulating tenocyte phenotype, might enhance intrinsic tendon healing and thereby improve tendon repair. Unfortunately, to date there have been no studies that have investigated whether cell-material interactions can modify the cellular lineage of repair tissue.
Biomaterials for tendon repair
Various surgical approaches have tried, unsuccessfully, to improve the outcome of rotator cuff repair [53] . A more promising strategy is the use of a biomaterial patch or scaffold, surgically sutured at the site of the tendon-to-bone repair, to provide structural and biological support. A clinically useful scaffold must be able to respond positively to the biological and mechanical environment of healing tissue. However, demonstrating biocompatibility of the scaffold is an essential first step. After implantation, the construct must not elicit significant immunogenicity, cytotoxicity or genotoxicity that would result in a severe inflammatory response and rejection of the implant [54] . The scaffold material should ideally be degradable, thereby avoiding the long-term complications of foreign-body reaction (FBR) and fibrous encapsulation reported in the pelvic reconstruction literature [55] . Degradable biomaterials also demonstrate an increased resistance to bacterial infection [56] . Further, because the fundamental objective of tissue engineering is to generate normal tissue, scaffold degradation allows for cellular invasion and ECM deposition. Importantly, the by-products of material degradation must not induce local or systemic toxicity and the degradation kinetics should match the growth rate of the new tissue. Beyond simply being safe, biomaterials must provide the biological cues required to stimulate the formation of healthy tissue. Modifications to a scaffold's chemistry and architecture enable cellular attachment, proliferation, migration and differentiation. Finally, the mechanical properties of the scaffold must also be considered. From a purely practical perspective, it must be robust enough to withstand handling and implantation. From a functional viewpoint, the scaffold must be able to withstand the physiological loading experienced at the implantation site-allowing the biological repair to proceed without experiencing excessive and disruptive loads. Complicating this, the mechanical integrity must be sufficient throughout the process of tissue regeneration despite scaffold degradation. Compounding this challenge, because the mechanical environment directly influences cellular behaviour [57] , the optimal biomechanical environment will change as the repair tissue matures.
Biological scaffolds

Decellularized extracellular matrix
Scaffolds can be broadly grouped into two categories based on the materials used; biological and synthetic. In the field of musculoskeletal bioengineering, the removal of cellular components from xeno-or allografts to produce a decellularized ECM, is a common method of biological scaffold production. It aims to retain proteins and the three-dimensional (3D) architecture of the original tissue to provide instructive chemical and structural signals, but without causing implant rejection [58] . The implantation of demineralized bone matrix (DBM) demonstrates sufficient bioactivity to induce new bone formation in vivo [59] , an effect that is maintained even when implanted into muscle [60] . However, in the context of trauma and orthopaedic surgery, the clinical evaluation of DBM has failed to demonstrate efficacy [61] . Despite this, the use of ECM-derived scaffolds have been translated into the tendon arena and are one of the most commonly used methods for augmenting tendon repair [62, 63] . Again the promising results reported in animal models [64] , have not been borne out in human trials. While observational studies have concluded in favour of porcine small intestinal submucosa (SIS) grafts [65, 66] . No discernible difference between augmentation and standard repairs has been reported in more robust studies. For example, Iannotti et al. [67] randomized 15 chronic large-to-massive rotator cuff tears to each treatment arm. Augmentation with SIS did not improve the rate of tendon healing or the clinical outcome scores. Further, several patients developed hypersensitivity reactions, raising concerns over biocompatibility. A similar inflammatory response resulted in Walton et al. [68] having to abort their randomized controlled trial.
No such concerns have yet been raised with decellularized allografts and rates of re-rupture appear lower, but still remain at 15-20% [69, 70] . Regardless, no convincing clinical improvement has been reported, highlighting that mechanically stronger and biologically normal repair tissue are not necessarily synonymous. Only one case study has provided histological outcomes following augmented rotator cuff repair [71] . A Graftjacket w matrix, biopsied after three months demonstrated extensive tenocytes and blood vessel infiltration at the graft's peripheral margins. If we are to design more effective scaffolds, there is a need for more rigorous and detailed interrogation of biological as well as clinical outcomes following augmented repair. A corresponding understanding of the macro-and microscale structural properties of scaffolds will allow the identification of designs that facilitate positive biological responses. Unfortunately, a rigorous evaluation of commercially available products has only recently been undertaken [72] . A failure to recapitulate the mechanical and nanoscale structure of human supraspinatus tendon may help to explain their lack of clinical efficacy. Ultimately, the generation of a biologically normal repair is likely to require a more precise control of a scaffold's mechanical, physical and chemical properties, that are each tailored to meet the needs of different tissues and disease niches. While processing methods of ECM scaffolds can selectively remove certain growth factors (GFs) [73] and bias macrophage populations [74] , synthetic scaffolds allow for a much more precise 'bottom-up' design process.
Natural hydrogels
Natural hydrogels constitute another major class of biological scaffold. These are water-swollen polymeric networks formed from numerous hydrophilic proteins or polysaccharides [75] . Given that collagen is a key and ubiquitous component of the ECM, it is not surprising that collagen-based hydrogels have been extensively studied for cardiac [76] , ophthalmic [77] as well as musculoskeletal applications [78] . However, in the context of tendon repair, rather than being used independently they are often used as a vehicle for cell delivery or as a means of functionalizing a synthetic scaffold [79, 80] .
In comparison to tissue culture plastic, collagen hydrogels provide a preferential in vitro environment for the culture of fibroblasts and tenocytes [81] . Additionally, human mesenchymal stem cells (hMSCs) cultured onto collagen scaffold demonstrate greater proliferation and differentiation into tenocytes [81] , although it is unclear whether endogenous MSC migration contributes to physiological tendon repair.
Few studies have assessed in vivo, the efficacy of unseeded hydrogels in tendon repair. In a rabbit model of achilles tendon rupture, a collagen scaffold has been shown to improve the histological and biomechanical properties of healing tendons over standard repair. Nevertheless, the biomechanical properties remained far below those of a normal achilles tendon [82] . Conversely, a fibrin hydrogel failed to demonstrate any biomechanical or clinical advantage in a rabbit flexor tendon injury model [83] .
The poor mechanical properties of hydrogels remain a major limitation and arise from the failure to fully recapitulate natural ECM structure. Cross-linking is commonly employed to improve the mechanical properties but may reduce sites for cellular attachment and can result in toxicity [84] and fibrous encapsulation [85] . Other processing methods include improving fibre anisotropy [86] and the incorporation of other ECM components [87] . However, the mechanical properties remain far below those of native tendon. Hybridization with synthetic polymers is among the most promising strategies [88, 89] .
Synthetic scaffolds
Both degradable and non-degradable synthetic scaffolds are currently under development for rotator cuff repair. The latter approach, similar to hernia repair, aims to permanently support the diseased tendon and negates the need for complete tissue regeneration. Teflon ( polytetrafluoroethylene) grafts, used in the repair of massive cuff tears, were first reported over 30 years ago [90] . Polycarbonate polyurethane patches are currently under investigation with promising early results. In a non-randomized case series, 90% of patients had an intact repair at 12 months with no adverse events reported [91] . Similar results have been reported for polyethylene terephthalate (Dacron) [92] . However, there remain concerns over a higher infection risk [56] and long-term toxicity. Carbon-fibre implants, once used in the treatment of rotator cuff tears [93] , have been shown to shed carbon debris that can elicit a FBR in tissues distant from the initial implantation site [94, 95] . A failure to stimulate adequate regeneration, with consequential fatigue of the polymer, has been cited as a plausible causative mechanism [96] .
Degradable polyesters, including poly-L-lactic acid (PLLA) [97] , poly(lactic-co-glycolic acid) (PLGA) [98] , polycaprolactone (PCL) [99, 100] and polydioxanone (PDO) [101, 102] are among the most promising candidates currently under development. Interestingly, different polymers have diverse effects on the cellular response. Although PLLA, PLGA and polyglycolic acid (PGA) are all poly-a-hydroxyesters, variations in cellular attachment, morphology and proliferation are observed [103] .
Differences in the mechanical properties of individual polymers must also be considered. Mathematical modelling has demonstrated that scaffolds with tendon-like properties can improve the biomechanics of rotator cuff repair by offloading the surgical repair and mitigating the poor structural properties of diseased tendon or osteopenic bone [104] . Incorporating scaffolds with inferior or even supra-physiological mechanical properties did not translate into an improved repair [104] . The design of a scaffold with appropriate mechanical properties must also take account of the in vivo degradation kinetics. Lu et al. demonstrated that while a braided PGA scaffold demonstrated the highest initial strength, this advantage was not maintained, with loss of scaffold integrity after just one week. By contrast, braided scaffolds produced from PLLA demonstrated much slower rates of degradation [103] . The ideal polymer is one that matches degradation rate with the speed of tissue ingrowth, such that the mechanical properties of native tissue are mirrored throughout the repair process.
Aside from polymer type, several strategies including changes to porosity, fibre alignment and cross-linking have also been employed to modify the mechanical properties of synthetic scaffolds [105] [106] [107] [108] . Many of these techniques often offer only marginal improvements. To overcome this issue, we have developed a bonding technique that enables biologically active layers of PDO to be reinforced with a mechanically robust woven layer (figure 1) [101] . The properties of the woven layer can be adjusted to match the mechanical properties of the rotator cuff.
Despite the advantages that degradable polyesters offer, several limitations must still be overcome. Firstly, degradable polymers are broken down through hydrolysis with the generation of lactic and glycolic acid. These physiological compounds are often assumed to be metabolized and cleared without causing toxicity. However, high concentrations have been found to be toxic to both tenocytes [109, 110] and osteoblasts [111] . This potential toxicity is influenced by polymer type, quantity, surface area and site of implantation [112] . Therefore, prior clinical use of a specific polymer should not be used as a generalized guarantee of safety. There is a need for greater in vivo research to ensure that, throughout an implants lifespan, these acidic by-products are being effectively cleared from the tendon. Secondly, a problem common to all synthetic scaffolds is that they do not support cell adhesion. Fortunately, numerous strategies are available that can modulate the cellular response to synthetic materials (figure 2).
Modification of synthetic scaffolds 6.1. Surface hydrophobicity
Engineering of materials with optimal properties for cellular ingrowth and differentiation requires an understanding of the complex relationship between a materials surface properties and cellular response. To date, several variables have been interrogated including hydrophobicity, charge and chemical composition of the material. Of these, surface hydrophobicity has been the most extensively investigated. The exact relationship is influenced by the cell type. For example, hydrophobic surfaces prevent osteoblast adhesion. Progressively greater osteoblast attachment is observed on increasingly hydrophilic materials [113] . By contrast, fibroblasts demonstrate maximal adhesions at moderate levels of wettability, both in the presence and absence of serum [113] . Furthermore, surface hydrophobicity influences fibroblast morphology, proliferation and gene expression [114, 115] .
On implantation, biomaterials are exposed to the milieu of proteins present in the blood and interstitial fluid, resulting in a surface layer of adsorbed proteins (figure 3a). The adsorption of fibronectin appears to be particularly important for fibroblast adhesion with maximal adsorption again rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180019 occurring at moderate hydrophobicity [116] . Tamada et al. demonstrated that the removal of fibronectin and vitronectin from culture media resulted in a marked reduction in fibroblast adhesion. Similarly, culturing cells in media that contained only fibronectin resulted in a uniformly high attachment that was independent of hydrophobicity [117] . It is, therefore, apparent that hydrophobicity influences which proteins are competitively adsorbed from the complex assortment of proteins present in serum and ECM. However, it is by no means determinative, factors such as surface charge also influence cell -protein -material interactions.
Surface charge
Electrochemically and biologically inert polymers, copolymerized with charged monomers, generate materials with a net negative or positive charge [118] . Both fibroblasts and osteoblasts demonstrated a preferential attachment to positively charged polymers. In fact, the degree of attachment was similar to polymers that had been functionalized with cell adhesive peptide sequences, e.g. Arg-Gly-Asp (RGD) [118] . Positively charged polymers have also been shown to increase fibroblast proliferation, alter morphology and increase collagen production [119, 120] . Conversely, it has also been reported that fibroblasts preferentially interact with negatively charged surfaces [115, 121] . This discrepancy may be explained by concomitant alterations in hydrophobicity, surface chemistry and topography that techniques used to alter surface charge often induce. In an attempt to determine the relative importance of charge, Qui and colleagues created a novel system. Cells were cultured on two parallel electrodes of indium tin oxide and a voltage applied. Rat marrow stromal cells demonstrated increased adhesion on the positively charged surface [122] . A similar result has also been reported for murine fibroblasts [123] .
The mechanisms underpinning the effect of surface charge on cell attachment have not been fully elucidated. Surface charge may facilitate protein adsorption, subsequent integrin binding and ultimately cellular adhesion. By adjusting the number of amine and carboxyl groups, Lin et al. [124] were able to generate different surface potentials, with laminin and fibronectin preferentially binding materials with an overall negative charge. While this might be anticipated for laminin, which carries a positive charge, fibronectin has a net negative potential suggesting that electrostatic interactions may not be the primary determinant of protein adsorption.
Surface chemistry
Hydrophobicity and charge are themselves determined by the surface chemistry of the material. The most commonly investigated surface chemistries are the carboxyl (2COOH), hydroxyl (2OH), amine (2NH 2 ) and methyl (2CH 3 ) groups [125] . Amine group functionality results in higher quantities of protein adsorption, which include fibronectin, vitronectin and osteopontin [126] [127] [128] . This adsorption profile correlated with increased fibroblast adhesion and proliferation [126] . Crucially, it is not only the quantity of protein adsorption that is important but also the protein's structure. Amine functional groups result in a conformational change in fibronectin structure with a Figure 2 . Improving cell -material interactions for tendon repair. A synthetic scaffold can undergo numerous modifications that, in isolation or combination, improve bioactivity. Surface chemistry can be modified or bioactive increased through the incorporation of proteins, short peptide sequences (e.g. RGD domain), growth factors or pharmaceutical agents (a -c). Physical modifications to the material's architecture such as fibre anisotropy, fibre diameter, pore size/porosity, degradation rate and stiffness can also be undertaken (d -f ). VEGF, vascular endothelial growth factor; FGF-2, fibroblast growth factor-2. (Online version in colour.) [129] . The importance of a protein's conformational profile is further demonstrated by work on hydroxyl surface chemistry. Hydroxyl groups have been shown to adsorb low amounts of plasma proteins [127] . However, as the fraction of hydroxyl groups increase there is a corresponding increase in the availability of a 5 b 1 binding sites resulting in the formation of focal adhesion complexes [127] . Interestingly, this behaviour is seen with osteoblasts but not fibroblasts, again highlighting that a biomaterial's properties must be carefully matched to the intended cellular niche [126] . Rather, surfaces coated with -COOH groups which expose a v b 3 integrin domains within fibronectin, encourage fibroblast attachment and spreading while inhibiting osteoblast differentiation [126, 129] .
The -CH 3 group is a major component of some synthetic polymers, for example, polypropylene, which is employed as a suture material and for meshes used in pelvic surgery. Surface methyl groups abundantly bind fibrinogen but fail to expose suitable binding sites for cellular attachment [129, 130] . Instead, non-favourable epitopes may be exposed and trigger an acute inflammatory response. P1 and P2 epitope exposure is responsible for the recruitment of phagocytes to polyethylene and PVC surfaces through the binding of Mac-1 integrin [131] . Similarly, methyl group coated surfaces result in the attraction of Mac-1 þ phagocytes [132] . Taken together, these results suggest that methyl functionality may expose immune epitopes and trigger an unfavourable inflammatory response. Several different surface modification methods have been exploited to change the properties of synthetic polymer scaffolds. The hydrolysis of a polymer with a strong alkali creates -OH and -COOH groups, increases hydrophilicity as well as the roughness of PCL and PLLA surfaces [133, 134] . Fibroblasts cultured on NaOH treated polymers display an increased rate of attachment and a spread morphology [135] . Again, the target niche modifies the response-vascular smooth muscle cells [133] , osteoblasts and hepatocytes [136] , all demonstrate favourable responses to NaOH modifications, while endothelial cells display the opposite [137] . It is likely that this specificity relates to the exact profile of adsorbed proteins. Further work is required to elucidate which protein signatures elicit a favourable biomaterial-cellular interaction, as well as a systematic interrogation of which scaffold modifications can best achieve this. Combining polymer arrays [138] with high-throughput proteomics [139] would allow the rapid screening of polymers and accelerate our understanding of protein-material interactions.
Plasma treatment offers another effective method of surface modification. PLGA treated with oxygen plasma resulted in the generation of hydroxyl groups and an enhanced attachment of murine fibroblasts [140] . Similarly, ammonia plasma treatment of PLLA facilitated a strong cell-biomaterial interaction. The controlled flow of culture media over seeded fibroblasts was used to stimulate a shear stress. Fibroblasts cultures on -NH 3 modified surfaces displayed a much lower rate of detachment [141] . However, it must be noted that there remains a real need to establish if modifications to a polymer's surface properties translate into improved tendon healing in vivo.
Physical properties
The nanoscale structure of the ECM provides a natural network that supports cells and guides their behaviour [142] . Through the formation of focal adhesions, cells are able to transmit mechanical signals into the nucleus, resulting in epigenetic modifications and altered protein expression [143] . Synthetic biomaterials can be modified so as to recapitulate aspects of this complex biophysical environment. A material's dimensionality [144] , stiffness [145] and topography [146, 147] have all been shown to influence cell behaviour.
As the primary constituent of tendon ECM, collagen fibrils are a critical determinant of a tenocytes physical and mechanical environment. Fibril diameter (50-200 nm) [148, 149] , anisotrophy [150] and nanotopography created by repeating D-bands [151] all contribute to a tendons biophysical signature. Tendinopathy changes many of these parameters [22] and, in turn, this may contribute to the phenotypic shift that diseased tenocytes undergo [152] . The microscale and nanoscale architecture of a material can be independently adjusted to mimic a healthy tendon niche and thereby manipulate the phenotype of diseased tenocytes.
Surface roughness
The response of cells to nanoscale roughness is dependent on the cell type. Osteoblasts, cultured on a titanium surface with graduated changes in surface roughness, demonstrate a linear relationship between proliferation and roughness [153] . Human fibroblasts demonstrated the opposite response [153, 154] . Similar results have been reported for fibroblasts cultured on polymer surfaces [155, 156] . However, it is unclear whether completely smooth surfaces [154, 157] or a small degree of roughness [153, 155, 158] represents the ideal surface for fibroblast attachment and proliferation. Equally, the underpinning mechanisms remain obscure but differences in surface energy [158] and fibrinogen binding [154] have been suggested.
Surface anisotropy
Collagen anisotropy is fundamental to the function of tendons [159] . If we are to effectively imitate native tendon ECM it follows that a scaffold's microscale architecture must also be highly aligned. Several techniques are available, of which electrospinning is one of the most widely investigated. It provides a relatively easy and cost-effective way of producing a 3D network of aligned ultrafine polymer fibres [160] . Refinement of this technology has enabled the efficient adjustment of fibre alignment (figure 1b-e) [161] .
Fibroblasts, seeded onto aligned electrospun PCL fibres orientate and proliferate in the direction of the fibres [162] . An increase in proliferation [163] , migration [164] , and an upregulation of genes linked to adhesion and actin polymerization is also observed [162] . We have observed similar results for tenocytes cultured on aligned PDO fibres [165] . Fibre orientation has also been found to influence the fate of hMSC differentiation [11] . Likewise, aligned PLLA scaffolds support proliferation and tenogenic differentiation of tendon-derived stem cells [166] .
It is hoped that these promising observations will translate into the formation of more competent tissue at the site of surgical repair. Certainly, the quality of newly deposited ECM appears to improve using these strategies. Using second harmonic generation it has been demonstrated that collagen deposition on aligned microfibres displays greater organization [167] . Biomechanical testing found improved tensile properties for orientated scaffolds, a difference that was [166] . However, the vast majority of studies have used 'healthy' cells, yet it is recognized that tenocytes isolated from tendon tears demonstrate an altered phenotype [168] . External biomechanical cues also influence the orientation [108] and proliferation rate of diseased rotator cuff tenocytes, but their response at the mRNA level does not precisely mirror that of healthy cells [165] . Clearly, when investigating the effects of biomechanical cues on tendon healing, the targeted tissue niche must always frame our enquires. Site-and disease-specific changes in a fibroblast phenotype [169] will adjust this niche and significantly influence cell-material interactions.
Even finer control over the specific characteristics of scaffolds is possible. How these parameters interact to elicit the most favourable response remains to be fully determined. On randomly orientated PLGA scaffold fibre diameter has no discernible effect on fibroblast proliferation [170] . By contrast, for aligned scaffolds with fibre diameters ranging from 150 to 6000 nm, dermal fibroblast proliferation and collagen expression demonstrated fibre diameter dependency [171, 172] . Diseased rotator cuff tenocytes may also be responsive to fibre diameter, with higher rates of proliferation, collagen and GAG production reported for scaffolds with submicrometre fibre diameters [173] .
Scaffold porosity
The spacing between fibres can also provide cells with topographical information. Smaller pore sizes, (less than 150 mm) seem to increase fibroblast adhesion [174, 175] , an effect that may be driven by an increase in a material's surface area [176] , roughness [175] or through modulation of micromechanical properties [174] . However, pore size is also intimately related to overall porosity with large pore size generally resulting in an increased porosity [176] . Higher porosity improves the mass transport of nutrients and increases fibroblast proliferation, migration and enables deeper penetration into the scaffold [177 -180] . Overall, the increased proliferative rate associated with large pore, high porosity scaffolds negates the initial advantage offered by small pore sizes [181] . A high porosity is also able to modulate the FBR, possibly through a biasing of the macrophage population towards an M2 phenotype [182] . Further, computational modelling has demonstrated that adequate vascularization of a construct requires large pore sizes of 160-270 mm [183] . The degree of connectivity between pores is also important. Scaffolds that demonstrate higher degrees of interconnectivity, but constant porosity, facilitate increased migration of fibroblasts into the scaffold [184] .
Substrate stiffness
The micromechanical properties of an implant must also be given consideration. The ability to detect and respond to the stiffness of the ECM has been demonstrated in a variety of cell types including endothelial, smooth muscle cells and fibroblasts [185] [186] [187] . Stiffer substrates promote the formation of stable focal adhesions, which subsequently results in cytoskeletal re-organization, increased proliferation, migration and altered cell shape [187, 188] . Contractility and tensional forces generated by fibroblasts also increase with matrix stiffness [189] . This may have implications for the organization of newly produced ECM.
Fibrillinogenesis of fibronectin is dependent on appropriate levels of cytoskeletal tension [187] . Additionally, microarray analysis has demonstrated that construct stiffness modulates cellular phenotype, with an increased expression of ECM genes and a decreased expression of matrix-degrading enzymes, characterizing fibroblasts grown in less compliant environments [190] . Tenocytes demonstrate a similar responsiveness to substrate stiffness [191] .
Despite the well-accepted role that substrate stiffness plays in fibroblast biology, to date, this has seen only limited translation into the tissue engineering arena [192] [193] [194] . Unfortunately, with many of the methodologies used it is often difficult to separate the influence of matrix stiffness from the concurrent changes in porosity and surface chemistry. There remains a need to establish the ideal stiffness for tendon engineering. However, to promote the invasion of cells from surrounding tissue it is likely that the construct will need to be stiffer than native tissue. Fibroblasts cultured on materials with a graduated stiffness preferentially migrate towards the stiffer surface, a phenomenon termed 'durotaxis' [195] . It is also likely that dynamic changes in stiffness are important. During cutaneous wound repair, the mechanical stimulus is removed as repair tissue matures. Persistent mechanical loading of fibroblasts creates pathological conditions and is implicated in contracture and hypertrophic scar formation [196] . If we wish to generate normal, functional tissue, then this presents a further argument against the use of non-degradable constructs in tendon repair.
Bioactive functionalization of scaffolds
Apart from modifying the chemical and physical properties of biomaterials, biological adjustments can also be undertaken to provide optimal conditions for repair. Scaffolds can be incorporated with a range of bioactive molecules in the form of whole proteins, short peptide sequences, GFs or even pharmaceuticals. We will review the biomolecules that are currently finding application in the field of tendon tissue engineering.
Protein and peptide incorporation
In native tissue, cells attach to the substratum through the interaction of cell surface receptors, such as integrins, with short peptide sequences contained within matrix proteins. These interactions provide cues that prevent apoptosis, enable migration and stimulate differentiation. Therefore, the addition of adhesion proteins has the capacity to modulate cellular phenotype. The commonest method for their incorporation into polymer scaffolds is the simple mixing of the solutions before processing. Alternatives include the immersion of a scaffold in a protein solution and, more recently, coaxial electrospinning which produces fibres with a distinct inner-core and outer-shell [197] . The coating of PLGA with fibronectin or collagen results in an increased adhesion strength for human embryonic tenocytes [197] . However, the coating of various electrospun polymers with fibronectin did not translate into an improvement in fibroblast proliferation or tenogenic differentiation of mesenchymal stem cells [198, 199] . In this respect, the method of protein incorporation may be important. Zhang et al. [200] showed that dermal fibroblasts seeded onto a coaxially spun PCL-collagen matrix, demonstrated an increased proliferative and migratory profile compared to cells grown on collagen-soaked scaffolds. Similarly, covalent rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180019 attachment improves the quantity of surface-bound fibronectin with a corresponding improvement fibroblast attachment and proliferation [201] . Interestingly, the effect of fibronectin binding on human dermal fibroblast function is modified by the cytokine environment, presenting a challenge for accurate in vitro optimization of scaffold design [202] .
The addition of short peptide sequences is an alternative strategy. The well-known RGD motif is found in various ECM proteins including fibronectin, collagen I and laminin [203] . In bone healing, RGD enhances the attachment, differentiation and mineralization of osteoblasts [204] , but with variable results when coated implants have been implanted in vivo [205 -207] . Much more limited data exist on the effect of short peptide sequences on tendon healing. The addition of RGD to a PEG hydrogel promoted fibroblast attachment and cell spreading in a concentration-dependent manner [208] . Kim et al. [209] covalently bonded RGD peptides onto an electrospun PLGA matrix and demonstrated that an improved fibroblast attachment was independent of concurrent changes in the hydrophobicity. Human hamstring tenocytes respond similarly, with an increased expression of matrix proteins, collagen I and decorin [210] . To our knowledge no in vivo studies have yet investigated the efficacy of RGD peptides in tendon or ligament healing, although coated sutures for cuff repair have been patented [210] . It must also be remembered that the coating of fibres with bioactive molecules can only provide a transient stimulus, which is quickly lost as the polymer surface degrades. The incorporation of binding sites into the polymer backbone would provide a more sustained stimulus and is an exciting research area [210] .
Growth factors
Growth factors are small cell-signalling polypeptides that are secreted and held within the ECM, playing a crucial role in chemotaxis, proliferation and matrix synthesis. During rotator cuff tendon healing the expression of several GFs changes. Basic fibroblast growth factor (FGF-2), transforming growth factor-beta 1 (TGF-b1), platelet-derived growth factor-beta (PDGF-B), insulin-like growth factor 1 (IGF-1), bone morphogenic protein 12 (BMP-12), BMP-13, BMP-14 and connective tissue growth factor (CTGF) are all upregulated in animal models of tendon healing [211, 212] . Administration of these factors to the site of tendon injury is hypothesized to improve the healing process. Impregnation with GFs enables a focused delivery that may also act synergistically with a scaffold's physical and chemical properties.
Fibroblast growth factor family
The FGF family consists of 22 different polypeptides with FGF-1 and FGF-2 being the most abundant in adult tissue [213] . FGF-2 facilitates angiogenesis, regulates fibroblast proliferation, controls matrix synthesis and is critical to cutaneous wound healing [214, 215] . The in vitro supplementation of FGF-2 to rat patellar tenocytes increases proliferation [216] . Similar effects have been demonstrated for human rotator cuff cells but with a dose-dependent reduction in collagen I and III synthesis [217, 218] .
The local application of FGF-2 to rat supraspinatus repairs resulted in an early improvement in histological scores at the enthesis and a corresponding improvement in load-to-failure [219] . Similarly, the injection of FGF-2 into rat patellar tendon defects showed no added benefit beyond 7 days [219] . Interestingly, when the same group incorporated FGF-2 into a dermal matrix this effect was modified, with improvements noted only after six weeks [220] . A study on FGF-2 loaded hydrogels for rat rotator cuff repair demonstrated similar findings with improvements in collagen orientation and vascularity not manifesting until one month after surgery [221] . However, in contrast to these studies no convincing improvement was demonstrated for an FGF-2 impregnated collagen sponge, implanted into an ovine model of rotator cuff injury [222] . Dosing discrepancies, which were an order of magnitude different, may be responsible. Indeed, a study on ligament repairs in rabbits found that at high doses FGF-2 became detrimental to the healing process [223] .
Transforming growth factor b
During wound healing, TGF-b is secreted by both immune and stromal cells. Three mammalian isoforms exist (b1, b2 and b3), each with distinct functions [224] . A wide variety of animal tendon injury models have shown that the gene and protein expression of all isoforms increase in disease [225] . Their role in human tendinopathy is less clear with TGF-b1 increasing, decreasing or remaining unchanged in rotator cuff tears, patellar and achilles tendinopathy, respectively [226] [227] [228] .
The inhibition of TGF-b signalling with neutralizing antibodies impairs the healing of rat rotator cuff repairs [229] . In response to exogenous TGF-b1, tendon cells isolated from healing rat patellar tendons demonstrate a persistent reduction in the expression of the ECM proteins decorin and biglycan, and a temporary reduction in Col1A1 and Col1A3 [220] . However, when TGF-b1 was loaded into hydrogels an improved load-to-failure was recorded for rat supraspinatus repairs [229] . This was attributed to an inhibition of matrix degrading proteases and not to any improvements in the histological organization of repair tissue. TGF-b3 has been implicated in embryological development of the enthesis as well as the formation of more organized repair tissue in cutaneous injury models [230] . Kovacevic and colleagues reported that incorporation of TGF-b3 into an osteoconductive calcium-phosphate matrix resulted in a more favourable collagen I/III ratio and an improved strength of infraspinatus tendon repair in rats [229] .
Platelet-derived growth factor
PDGF-BB acts as a chemotactic and mitogen factor for tenocytes, osteoblasts and mesenchymal stem cells. In a rat model of rotator cuff repair, collagen scaffolds were loaded with incremental doses of PDGF. A dose-dependent increase in fibroblast proliferation and angiogenesis was seen, but this did not translate into an improvement in collagen organization or biomechanical properties compared with standard suture repair [231] . Several other studies have reported improvements in histological features but found no advantage on biomechanical testing [232] [233] [234] . A similar study in sheep, using much larger doses, found that the incorporation of 75 and 150 mg of PDGF-BB improved collagen orientation, collagen density and interdigitation at the bone-tendon interface. Corresponding biomechanical improvements were seen. However, the delivery of 500 mg proved detrimental with histological scores and biomechanical outcomes below those of controls [235] . Similar findings have been reported for FGF-2 and taken together underscores that correct dosing, timing and delivery of GFs must be systematically interrogated.
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Vascular endothelial growth factor A
The role of vascularity in tendon healing is unclear. A watershed area of critical hypovascularity is often cited as being responsible for supraspinatus tears. It follows that increased vascularity may improve cuff healing. However, a watershed area may simply be a histological artefact that more recent studies have failed to confirm [236] . Nonetheless, vascularity of the cuff is changed in disease, increasing in tendinopathy before a sequential reduction occurs as the size of tear progresses [236, 237] . Furthermore, the inhibition of angiogenesis prevents ligamentous healing [238] .
VEGF, a potent angiogenic protein, is secreted by tenocytes in increased amounts in tendon disease [239, 240] . However, the utility of exogenous VEGF in tendon healing is largely unknown and no studies have evaluated the role of VEGF in cuff repair. In vitro, VEGF does not alter collagen synthesis but does alter the expression of other GFs, including TGF-b [241] . In a murine transection model of achilles rupture, the injection of a proteolysis-resistant VEGF splice variant increased the ultimate tensile strength and mechanical stress of spontaneously healing tendons [242] . In a separate study, in which VEGF injections were combined with suture repair no sustained biomechanical benefit was found [242] . The in situ duration of VEGF stimulation is, therefore, likely to be important. In a study on anterior cruciate ligament (ACL) reconstruction, the authors observed that by using a hyaluranon carrier to retard the release of VEGF, an improvement in allograft vascularity and biomechanical properties occurred [242] . Conversely, the simple soaking of allografts in VEGF did not benefit the experimental group in an ovine model of ACL reconstruction [242] . Other methodologies, such as the transplantation of endothelial progenitor cells, that provide a more sustained stimulus for angiogenesis have also been shown to improve ligamentous healing [238] . Whether these findings can be translated into the arena of tendon healing is a developing research area.
Insulin-like growth factor-1
IGF-1 is an important mediator of cutaneous wound healing that is upregulated following tendon injury [243] [244] [245] . A beneficial role for IGF-1 is supported by in vitro studies on tendon and ligament explants, which have demonstrated increased proliferation, migration and collagen synthesis [246] [247] [248] . The injection of IGF-1 following collagenase induced tendon injury in horses resulted in increased proliferation and total collagen content, although no biomechanical improvement was seen [249] . Similarly, in an achilles transection model, IGF-1 injections improved the functional score, but with no corresponding histological or biomechanical improvement [250] . Conversely, daily injection of IGF-1 following rat medial collateral ligament transection was reported to improve all histological and biomechanical outcomes [251] . The effect of IGF-1 administration has also been investigated among healthy Danish volunteers. Local injection into the patellar tendon resulted in an increase in collagen synthesis, but with a highly variable response between patients [252] . To date, only one study has investigated the incorporation of IGF-1 into a scaffold. They used transfected tenocytes as the delivery vehicle for IGF-1, seeded onto a PGA scaffold implanted at the site of rotator cuff repair in rats. At two weeks an improvement in histological scores and biomechanical characteristics was seen. This improvement was much greater than for a separate group in which PDGF-b transfected cells were seeded onto scaffolds, lending support to IGF-1, rather than a non-specific cellular response, being responsible for the effect [253] .
The application of GFs provides a powerful tool for controlling cellular function, but several challenges must be overcome. Research to date has shown us that a single factor will not be sufficient, instead it is likely that the reprogramming of diseased tendon cells will require a combination of factors. The permutations are significant but the application of high-throughput arrays that enables the rapid screening of cell-material interactions is a promising area that may accelerate the discovery process [254] . Secondly, the temporal relationship of each growth factor must be considered. We should be aiming to recreate the natural symphony that is seen during tissue development, when different factors become active at different times and in different locations. Controlled-release strategies are being developed that allow the delivery of multiple factors, each with distinct kinetics. Their utility has already been proven in the context of angiogenesis [254] . Finally, the correct dosing of each factor is critical to determining both efficacy and safety. The use of supra-physiological concentrations of rhBMP-2 during spinal fusion has been linked to numerous adverse effects including heterotopic ossification and neurological sequelae [254] . By optimizing the kinetic release profile, lower concentrations can achieve maximal effects. Systems that mimic natural mechanisms of growth factor binding and release are promising. For example, heparin incorporation offers a method for slowing the release profile and enhancing FGF-induced blood vessel formation [254] . Since local proteolytic activity is responsible for the release of glycosaminoglycan-entrapped factors, a degree of spatial control is also possible [254] .
Bone -tendon interface
Unlike achilles tendon ruptures, which most commonly occur within the mid-body of the tendon, rotator cuff tears often occur at the bone-tendon interface. The successful restoration of intra-tendinous ECM and tenocyte biology is itself insufficient, there must also be recapitulation of the tissue transition that occurs at the enthesis. The biology of osseointegration is poorly understood but it has striking similarities to the process of endochondral ossification [255] . For this reason, the application of factors capable of triggering ossification has been proposed as a means of restoring the enthesis. As well as being important stimulators of osteogenesis, BMPs which are part of the TGF-b superfamily, also promote matrix production by tenocytes [256] . Seeherman et al. examined the role of BMP-12 in an ovine model of rotator cuff injury [257] . A collagen sponge containing BMP-12 was applied to the bone-tendon interface at the time of repair. When compared with the use of the carrier alone, the histological features of the enthesis were improved but still easily distinguishable from normal controls. A doubling in the maximal load and stiffness of the repair was seen, but again this remained significantly below that of healthy supraspinatus tendon. Taken together, this suggests that rather than stimulating tissue regeneration BMP-12 resulted in the formation of stronger scar tissue, a result that echoes studies that have used TGF-b as the bioactive factor. Similar results have been reported for BMP-2 and BMP-13 in a rabbit model of rotator cuff tears [258, 259] .
Given the heterogeneous cell types found at bone-tendon interfaces, a homogeneous scaffold is unlikely to provide the rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180019 ideal niche for fibroblasts, chondrocytes and osteoblasts alike. Instead, it is hypothesized that biomaterials with gradients in chemical composition, nanoscale structure and mechanical properties, closely mimicking the gradual transition of entheseal ECM, will provide environments more conducive to the repair of damaged entheseal tissues. The use of microspheres containing recombinant BMP-2 and IGF-1 has allowed the generation of growth factor gradients on silk scaffolds. hMSCs cultured on these scaffolds exhibited osteogenic and chondrogenic differentiation in areas of high BMP-2 but low IGF-1 concentrations [260] . In a novel approach, zonal organization of osteoblasts and fibroblasts was achieved by seeding fibroblasts onto scaffolds with a spatial gradient of retrovirus that encoded the osteogenic transcription factor Runx2 [261] . Alternatively, gradients of calcium phosphate have been found to positively correlate with the expression of the osteoblast differentiation markers by MSCs [262] . Since calcium phosphate content also affects scaffold stiffness [263] , it remains unclear whether regional differences in MSC differentiation were driven by the chemical or mechanical environment. Another solution is the production of multi-phased scaffolds in which each phase has properties that are optimized for specific cell populations. Spalazzi et al. [264] designed a tri-phasic scaffold combined of either a polyglactin mesh, PLGA microspheres or PLGA/bioactive glass microspheres. Following subcutaneous implantation, a fibrous, fibrocartilaginous or mineralized ECM was laid down in each of the distinct phases, but only after pre-seeding of each phase with fibroblasts, chondrocytes or osteoblasts, respectively. By contrast, acellular scaffolds did not demonstrate a transitional fibrocartilaginous zone, forming only fibrous and mineralized ECM.
Regulating the immune response
To date, tissue engineers have largely focused on how materials can modulate cell populations that are directly involved in the formation of new tissue. There has been limited research on how biomaterials affect other host processes such as inflammation and angiogenesis, the manipulation of which is likely a key determinate of successful translation (figure 3b).
The implantation of biomaterials triggers a FBR, a process that, if chronic, is characterized by inflammatory cell recruitment, angiogenesis and tissue fibrosis [265] . Such a reaction is detrimental to medical implants and may compromise integration and mechanical strength [266] . There is also an increasing recognition of the role of inflammation in human tendinopathy, with diseased tissue demonstrating an increased numbers of macrophages, mast cells, as well activation of pro-inflammatory signalling pathways [267] . However, immune cells have also been shown to be crucial to the repair process for many tissues [268, 269] . Rather than simply avoiding an immune response, biomaterials that are designed to modulate the response might improve the quality of tissue repair.
Macrophages, a key regulator of the FBR [270] , can be directly influenced by biomaterial design. PEG-RGD hydrogels manufactured with increasing stiffness resulted in an increased production of pro-inflammatory cytokines and a thicker fibrous capsule [271] . Topographical cues have also been shown to have significant effects on macrophage phenotype. Substrates with 20 mm wide lines of fibronectin promoted differentiation of murine macrophages towards an 'M2' phenotype, an effect that was lost with 50 mm wide micropatterning [272] . Human macrophages demonstrate a similar responsiveness to surface topography [273] .
The chemical composition of biomaterials is also influential. The cytokine expression of adherent macrophages is dependent on a material's surface chemistry, with hydrophilic surfaces reported to cause downregulation of pro-inflammation genes and apoptosis of foreign-body giant cells [274, 275] .
Dendritic cells (DCs) are a key component of both innate and adaptive immune responses and can also possess immunoregulatory capacities through induction of T-cell tolerance and expansion of regulatory T cells [276] . The biofunctionalization of scaffolds may be able to modulate this process, for example, alginate and hyaluronic acid coated surfaces appear to restrain DC maturation and induce T-cell tolerance [277] . Similarly, albumin stimulated DCs have been shown to induce a Th2 response, whilst collagen and vitronectin were shown to stimulate DCs to produce high levels of IL-12 that correlated with a Th1 type response [278] . This opens up the challenge of understanding the role and relative importance of each immune population during tendon healing. Additionally, we must better elucidate how manipulations of the immune compartment influence the FBR and subsequent scaffold integration.
The role of other cells types must also be explored. Angiogenesis is intimately linked to inflammation [279] . Indeed, increased vascularity is a key histological feature of many inflammatory diseases and high levels of VEGF and other pro-angiogenic factors have been documented in chronic inflammatory as well as rotator cuff disease [279, 280] .
The interplay between inflammation and angiogenesis is complex. While inflammatory mediators can promote new vessel formation, angiogenesis can, in turn, sustain inflammation. The expression of chemokines and adhesion molecules by activated endothelial cells recruits more immune cells to the site of inflammation. Fibroblast-endothelial cell interactions are critical to this process [281, 282] . Yet, the vascular bed is not just a passive transport network. Through the production of angiocrine factors, endothelial cells regulate the homeostasis and repair of cardiac tissue, bone and skeletal muscle [283, 284] . While there is evidence to suggest that the healing of murine ligaments can be improved by artificially increasing vessel formation, other authors have found an association between neovascularization and FBRs [238, 270, 285] . There remains a need to establish the role of endothelial cells in the progression and treatment of tendon disease.
The regulatory framework and scaffold design
In Europe, the legal instruments that govern the commercial development of regenerative biomaterials include the recent Medical Devices Regulation (MDR) [286] , pharmaceutical regulations [287] and the Advanced Therapy Medicinal Products (ATMP) regulation [288] . A biomaterials design, constituents and mechanism of action will determine which legislative framework must be satisfied. In turn, this will significantly impact upon the duration, cost and likelihood of successful translation.
In general terms, three distinct scenarios can be envisaged: a regenerative scaffold that induces endogenous repair solely through topographical and mechanical stimulation of cells, a regenerative scaffold with additional bioactive functionalization and a scaffold pre-seeded with viable cells (figure 4). In order to decide whether a product can be considered a medical device the key point for consideration is the method by which the principal intended action is achieved. To be classified within the remit of the MDR, the principle action cannot be through pharmacological, immunological or metabolic means. That is to say, that medical devices may contain medicinal substances, for example GFs, so long as their action is ancillary. In cases of doubt, the provisions of the medicinal products directive will apply [289] , placing a clear incentive on manufactures of functionalized scaffolds to carefully delineate their products primary mode of action.
Medical device approval in each EU country is overseen by a competent authority, such as the Medicines and Healthcare Products Regulatory Authority (MHRA) in the UK. Under the current framework devices are classified into the following categories based on risk: (i) class I (low risk), (ii) class IIa and IIb (moderate risk) and (iii) class III (high risk). Indeed, this is similar to the US Food and Drug Administration's (FDA) classification system. While low-risk devices (e.g. surgical gloves) can be declared directly to the competent authority, all other products must be approved via the notified body-a designated but independent company that specializes in evaluating medical devices. The current classification system places particular emphasis on whether an implanted device demonstrates biological activity, which includes biodegradation, as well as duration of application. Presumably, this has arisen from concerns that bioactivity may induce local or systemic toxicity. Consequently, within the context of regenerative medicine, it is difficult to envisage a device being classified as anything other than high risk. Such class III products require the notified body to undertake a more significant review, including greater scrutiny of available pre-market clinical data.
Unlike pharmacological compounds, supporting clinical data can be obtained not only through clinical trials but also by demonstrating equivalence to existing medical devices. This has been a point of significant controversy, both in Europe and the USA where a similar process exists-the 510(k) pathway (figure 4). For example, in 2005 a metalon-metal hip, the ASR w was introduced into the US market following approval by the FDA via the 510(k) process. The ASR w used a metal cup from a different device (ASR Hip Resurfacing system) and fitted this onto a standard femoral implant. The manufacturer was able to argue that the new implant was substantially equivalent and was given market clearance without any requirement for clinical testing. It subsequently became clear that the ASR w hip replacement had a significantly higher rate of revision but not before almost 100 000 had already been implanted worldwide [290] . Furthermore, an analysis of all high-risk device recalls in the USA has demonstrated that 71% have been approved via the 510(k) pathway [291] .
Perhaps unsurprisingly, under the new MDR demonstrating equivalence has been significantly curtailed. A manufacturer must be able to demonstrate significant similarities in the products designs and performance as well as identical biological and clinical characteristics. Further, the manufacturer must have significant access to all data relating to the device to which they claim equivalence. Given that there is no requirement for pre-market evaluation data to be made publicly available [292] , proving equivalence seems to have been limited to modifications of an existing device by the original manufacturer.
Therefore, it is highly likely that within the field of regenerative medicine and biomaterial design, clinical trials will become commonplace. However, the specific requirements for pre-marketing studies are vague, and contrast sharply -Restore ® , a porcine decellularized patch, shown to cause a severe foreign body reactions [68] -vaginal meshes, approved following demonstration of equivalence to an abdominal hernia mesh, associated with erosion and severe pain [311] -mesh packaging for fruit presented to Austrian notified body as a novel medical device for hernia repair [312] with the clear legislative requirements surrounding the conduct of trials for medicinal products. While the new MDR now requires clinical trials to demonstrate efficacy as well as safety, the design of such trials is not defined. Unlike pharmaceuticals, in which randomized controlled trials (RCTs) are the standard [293] , no binding guidelines on study designs have yet been placed on medical device manufactures or the notified bodies [294] . While logistical challenges and ethical issues have been sighted as justification for using non-controlled observational studies [295] , recent randomized, placebo controlled, orthopaedic trials are making this position less tenable for designers of orthopaedic implants [296] . It is likely that future amendments will bring the clinical evaluation of medical devices even closer to that of pharmaceutical testing. However, in the current legislative climate an implantable scaffold, whose primary regenerative action is mediated through their physical structure, would not require a randomized controlled trial to prove efficacy. Once again, this emphasizes the importance of optimizing a regenerative scaffold's physical design before supplementary bioactive functionalization is considered.
Of note, special attention has been given by the MDR to nanomaterials, for which there is felt to be scientific uncertainty regarding their risk. Such devices are required to be subject to 'the most stringent conformity assessment procedures' [286] . A nanomaterial is defined based on an external size of 1-100 nm for nanoparticles or less than 1 nm for nanoscale structures such as carbon nanotubes. Thus, an electrospun, 3D printed or otherwise produced scaffold is unlikely to be classified as a nanomaterial unless augmented with nanoparticles. This would suggest that rather than using nanoparticles to modulate surface roughness or act as drug carriers, alternative methods of manufacture should first be explored.
Finally, ATMPs constitute a heterogeneous class of innovative health technologies. It encompasses gene therapy, somatic cell therapy and engineered cells or tissues, administered alone or in combination with a medical device such as a scaffold. The Committee for Advanced Therapies (CAT) of the European Medicines Agency provides a centralized regulatory oversight for all such products. This includes quality and safety standards for donation, procurement and testing of human cells under the EU Tissue and Cell Directive [297] and the conduct of clinical trials in accordance with EU Directive 2001/20/EC [293] . Additionally, any base scaffold would require CE marking under the MDR [298] . The fact that only six ATMPs have successfully completed this centralized marketing authorization implies a burdensome procedure, and likely contributes to their significant cost. For example, Glybera w a gene therapy for lipoprotein lipase deficiency was priced at 1.1 million euros per patient [299] .
Clinical trial design
The introduction of new techniques and technologies has traditionally occurred on the basis of weak scientific evidence. We must move beyond established pathways of surgical innovation, and instead strive to undertake robust and meaningful clinical trials (figure 5).
The current research evaluating the efficacy of commercially available scaffolds for rotator cuff repair is dominated by small, retrospective, single centre case reports and series. A situation that is seen throughout the surgical innovation literature [301, 302] and one that predisposes to a significant risk of bias. Only four RCTs, comparing scaffold augmented rotator cuff repair with standard repair, have been undertaken and serve to highlight the pitfalls of relying on weaker methodologies [67, 68, 70, 303] . Despite several case series reporting promising results for Restore w [304, 305] , randomized trials have not only failed to show any benefit but also demonstrated an excess risk of adverse events [67, 68, 303] .
Unlike the clearly defined phases of pharmaceutical trials, there is no widely accepted roadmap for surgical innovations. To this end, the IDEAL framework has been developed to help overcome our reliance on poor quality clinical data and describes five key stages: idea, development, exploration, assessments and long-term study [300, 306, 307] . Importantly, these recommendations suggest the abandonment of retrospective case series and instead propose that all first-in-man studies are prospectively registered, with clearly defined a priori outcomes and that all cases are reported in a sequential, transparent manner. rsif.royalsocietypublishing.org J. R. Soc. Interface 15: 20180019 the procedure, and as more surgeons and institutions participate, the new device can move through the development and exploratory phases, but with these key methodological elements persisting.
Ultimately, an interventions relative benefit must be assessed, with RCTs providing the gold standard for comparisons of efficacy and effectiveness [308] . Further, placebo controls are particularly important when the available outcomes depend on subjective patient-reported ratings. Such measures are particularly susceptible to bias from the placebo effect, making it difficult to ascertain the true efficacy of the crucial surgical element. While this remains a divisive issue, there is growing acceptance that placebo controls are not only desirable but an ethical imperative-saving patients from potentially harmful but ineffective interventions, whilst also helping to re-allocate funding to more effective procedures [309] . The timing of such randomized trials must also be considered. During the development phase of a scaffold for tendon repair, procedural refinement and operator learning curves may limit the generalizability of early RCTs. Conversely, waiting until development has settled can result in a loss of clinical equipoise, making trials impossible to conduct. This is a difficult balancing act but with a move towards the conduct of early randomized trials [307, 308] . To this end, expertise-based RCTs provide an elegant solution to the challenges of expertise bias and clinical equipoise. In this design, patients are randomized to either surgeon A or surgeon B. Each holds experience for one intervention and is solely responsible for performing their procedure of choice [310] .
A robust RCT will establish the benefit of a new medical device but, in the field of orthopaedic surgery, the measured outcomes are often short term (1 -2 years). Safety concerns may take many years before becoming evident. For instance, during the first 12 months, the revision rate for metalon-metal total hip replacements was not clearly different from that of other hip replacements [310] . Long-term evaluations are needed to assess a devices ongoing safety and effectiveness. To this end, the European Union requires all medical device manufacturers to collect data on quality, performance and safety, throughout a devices lifetime. Manufacturers of class III devices must now submit periodic reports detailing the findings of their surveillance [286] . This is envisaged to facilitate a contemporaneous assessment of a devices risk -benefit ratio. However, within both the EU and USA the identification of safety concerns remains the main focus of post-marketing surveillance [307] . The long-term study of a device's effectiveness is conspicuously absent and there remains a need to improve the routine monitoring of medical devices. The traditional passive reporting of safety concerns should be universally replaced by well-designed, large observational studies that routinely record data on safety but also effectiveness. National patient registries can help fulfil this requirement and should be extended beyond their current focus on arthroplasty into the arena of tendon repair.
Conclusion and future perspectives
Biomaterials form a major component of tissue engineering strategies. Rather than acting as a simple structural support, modern materials both provide physical and biochemical signals that orchestrate cellular behaviour and can also act as delivery vehicles for drugs and small molecules. If the full potential of these new technologies is to be realized, several challenges remain. It is now clear that the cellular response to polymer chemistry, nanoscale architecture and bioactive functionalization is heavily dependent on the target niche, type and stage of disease being targeted. It follows that scaffolds must be tailor-made to meet the specific demands of each tissue and disease. The successful development of tissue engineering scaffolds will require the use of highthroughput preclinical platforms which are capable of assessing large combinations of scaffold design. Biomaterials for soft tissue repair must also be capable of not only influencing stromal cell behaviour but also modulating immune cell responses and promoting angiogenesis. Critical to this will be an improved understanding of cell biology and the interactive role of GFs, immune cells and blood vessels during soft tissue healing. Finally, the translation of new therapies will require rigorously designed early phase clinical trials governed by a regulatory framework that is fit for purpose.
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